Objective. Despite considerable advances in retinal prostheses over the last two decades, the resolution of restored vision has remained severely limited, well below the 20/200 acuity threshold of blindness. Towards drastic improvements in spatial resolution, we present a scalable architecture for retinal prostheses in which each stimulation electrode is directly activated by incident light and powered by a common voltage pulse transferred over a single wireless inductive link. Approach. The hybrid optical addressability and electronic powering scheme provides separate spatial and temporal control over stimulation, and further provides optoelectronic gain for substantially lower light intensity thresholds than other optically addressed retinal prostheses using passive microphotodiode arrays. The architecture permits the use of high-density electrode arrays with ultra-high photosensitive silicon nanowires, obviating the need for excessive wiring and high-throughput data telemetry. Instead, the single inductive link drives the entire array of electrodes through two wires and provides external control over waveform parameters for common voltage stimulation. Main results. A complete system comprising inductive telemetry link, stimulation pulse demodulator, charge-balancing series capacitor, and nanowire-based electrode device is integrated and validated ex vivo on rat retina tissue. Significance. Measurements demonstrate control over retinal neural activity both by light and electrical bias, validating the feasibility of the proposed architecture and its system components as an important first step towards a high-resolution optically addressed retinal prosthesis.
Bionic Vision Australia, MPDA: micro photodiode array, NAIST: Nara Institute of Science and Technology, Stanford-Pixium: Stanford University and Pixium Vision S.A., NTHU: National Tsing Hua University, and NCTU: National Chiao Tung University a Argus I was implanted in six patients (P1-P6). The electrode diameters were 520μm in P1 and P2, 260μm in P3, and alternating 260-and 520 μm electrodes were used in P4, P5, and P6 [40] . b Intrascleral. c Both suprachoroidal and subretinal. d 14 channels; each channel with one stimulation electrode and six return electrodes. e Percutaneous wires used for tests only; inductive powering to be used for future generations. f 3×400 μm diameter and 30×600-μm diameter stimulating electrodes. g Square electrode with 50μm × 50μm. h 12 unit chips, each with nine electrodes. i 240 μm within the unit-chip and 620μm between two adjacent unit chips. j Ambient light was used without any additional power. Light intensity was not sufficient to generate stimulation currents above threshold [13, 15] . k Square electrode with 9μm × 9μm. l Indirect improvement. m Laser light; intensity of ambient light is not sufficient to elicit visual sensation through the devices. Thus, an external system including light amplification and laser projection is used. n 500 pixels in the first generation, and 2000 in the second. o Estimated value from text and figures. p Square electrode with 75μm × 75μm.
Introduction
Recent initiatives are targeting the development of innovative neural technologies to advance the spatial and temporal resolution of neural recording and stimulation towards dynamic mapping of brain function [1, 2]. As one of the most accessible regions of the brain, the retina is the most characterized and mapped in its different cell types and their connections [3] [4] [5] [6] [7] . Despite the substantial progress in retinal activity mapping, retinal prostheses for remediating blindness have remained at an early stage of technological development. More than 3 million people suffer from vision loss due to photoreceptor degeneration by retinitis pigmentosa (RP) and age-related macular degeneration (AMD) worldwide [8] [9] [10] [11] . Therefore, restoration of the retina's lost sensory functions in the visually impaired through new-generation high-resolution implantable device technologies is of paramount importance [2, [12] [13] [14] [15] .
A retinal prosthesis replaces the phototransduction function of degenerated photoreceptor cells by applying electrical stimulation to the remaining tissue to induce visual sensation. Patients with inheritable RP begin losing rod photoreceptors, suffering from poor night vision and peripheral vision loss, while AMD first affects the dense concentration of cones around the fovea, the optical focus of the retina [16] [17] [18] . The damaged photoreceptors cannot be repaired by any treatment or surgery available to date, and can eventually progress to a complete loss of vision [18] [19] [20] . Thankfully, even in the case of severe photoreceptor loss, the visual information pathway, from retinal neurons including bipolar cells and retinal ganglion cells (RGCs) to visual processing neurons in the visual cortex, largely remains intact [21, 22] . To restore vision, surviving retinal neurons may be activated by electrical stimulation. To date, such electrical prosthetic intervention to the intact retinal neurons is the most viable and promising avenue to restore vision in patients with RP and AMD while other approaches utilizing optogenetic [23] [24] [25] [26] [27] [28] [29] , photothermal [30] [31] [32] [33] [34] or ultrasonic [34] [35] [36] stimulation have been investigated as alternatives.
Many research groups around the world have been developing various types of retinal prostheses over the last two decades, and some are even available commercially [42, 67] . Major developments in retinal prostheses are summarized in table 1 according to key characteristics and clinical test status. To the best of our knowledge, eight retinal prostheses have undergone clinical trials in human patients reporting some level of artificial sensation of light [38, 42, 44, 46, 52, 60, 67, 80] , and at least one is ongoing [47] . Furthermore, some patients with implanted prostheses have demonstrated regained ability to distinguish line orientations, recognize objects, perform simple navigation tasks, and/or even read large letters [42, [67] [68] [69] 89] . Regained visual acuity (VA) in some patients reached about 20/1200 [42, 43, [67] [68] [69] , and a VA up to 20/546 has been reported in one patient [68, 69] . However, more than 75% of patients who received retinal implants could not achieve measurable VA [42, 68, 69] . Thus far, none of the reported devices are capable of overcoming the legal blindness threshold of 20/200 VA [90] . Significant improvements in the VA achievable by retinal prostheses are necessary to restore blind patients' autonomy and improve their quality of life.
Improvements in VA are tightly related to the prosthesis spatial resolution, which is generally proportional to the size and pitch of electrodes [13] . By definition, normative 20/20 VA implies visual ability to resolve an angle of one arc min, 1/60degree [91] . Because one degree of vision spans 288μm on the retina [92] , one arc min corresponds to a spatial resolution of about 5μm. For a VA of 20/20, an electrode pixel size of 5μm is required while the 20/200 VA blindness threshold requires 50μm [11] . However, most current retinal prostheses feature electrodes of larger size and pitch, and some larger by more than an order of magnitude (table 1) . For instance, for the 60-element array of 200μm electrode diameter and 525μm spacing in figure 1(a) [37] , the maximum measured VA was 20/1260 [42, 43] , limited by the dimension of the electrodes [13] . For normal vision electrode dimensions need to be reduced to around 5μm resolution, matching the physiological scale of photoreceptors as seen in figure 1(b). To this end, our research group has been pursuing a high spatial-resolution electrode array made with vertically aligned nanowires as shown in figure 1(c) and further elaborated in section 3.
Along with VA, the total range of the restored visual field is equally important for patients to perform useful navigation functions [59] . A larger number of electrodes is required to sense a larger visual field at the same resolution. The minimum electrode number required for pattern recognition or reading text is estimated to be about 600 [93] [94] [95] [96] . Implementation of retinal prostheses counting more than 600 electrode channels poses several tough challenges. From a systems standpoint, the main challenges are in (1) electrode material and fabrication (high charge injection capacity per given electrode area, and high-density fabrication), (2) connectivity (lead connections between the application-specific integrated circuit (ASIC) and the electrode array), (3) circuit complexity and integration (stimulus pulse generation for a high number of channels), and (4) telemetry (wirelessly transferring the stimulation data and power). Substantial engineering efforts are required to tackle these challenges. Advantageously, some of the challenges can be overcome and circumvented by architectural design, as presented next.
Types of system architectures
Typically, retinal prostheses are categorized into three kinds by their electrode locations: epiretinal, subretinal, and suprachoroidal implants. This distinction informs strengths and limitations involved in the electrode location, but it fails to differentiate key system-level attributes. Alternatively, classifying differences in hardware architecture highlights more fundamental properties of the systems' functionality. Two important aspects in system-level classification are image sensor location and powering method. Following these criteria, the retinal prostheses in table 1 are divided into several groups.
Image sensors are located either externally, typically as a camera, or internally, typically as a micro-photodiode array (MPDA). Similarly, powering methods are distinguished mainly in two ways: inductive electromagnetic telemetry and laser light projection. Powering through electromagnetic induction is one of the most prevalent wireless powering methods, developed specifically for retinal prostheses [38, 42, 44, 46, 47, 49, 52, 58, 60, 65, 67, 70, 79] and with parallel developments for general biomedical applications [97] [98] [99] [100] [101] [102] [103] [104] [105] . The first human implanted retinal prosthesis used incident light onto the retina to power an implanted MPDA [80, 81] , but the light intensity turned out too weak to generate sufficient stimulation current [13, 15] . For this reason, subsequent research groups have used amplified laser light, which requires an external system for visual acquisition (i.e. camera) and amplification by laser projection to provide enough power to the implanted MPDA [82, 85, 87] .
The architecture types distinguished by these criteria are illustrated as block diagrams in figure 2. The topology depicted in figure 2(a) is most widely adopted by research groups for epiretinal, subretinal, and suprachoroidal implants as seen in table 1. In this system, a vision sensor and image processor are placed on the external side. The external unit performs image processing to extract relevant information for stimulation and delivers the resulting information to the implanted unit over an inductive link. Based on the received data, the ASIC implanted in the eye generates and supplies stimulus currents to the retina through an electrode array. This architecture has a couple of advantages. First, it offers the flexibility of programming video processing algorithms owing to the external position of the camera and image processor; replacement and amendment of algorithms are straightforward. In addition, the inductive power link is able to carry a substantial amount of power.
However, this approach involves considerable hardware complexity both on the external and the internal sides. Also, it necessitates heavy data traffic from the external camera over the inductive link through the stimulation pulse generators to the electrode array. Compared to other hardware topologies, it faces severe challenges in scaling towards larger count electrode arrays, in particular for implementing more than the 600 channels required for useful vision (section 1). Additionally, this approach does not intrinsically track the eye's saccadic movement, necessitating unnatural head scanning by the patient to integrate the visual scene [12, 15, 106] . Typically, an eye tracking system is required to couple gaze direction with the visual scene. Alternatively, a miniaturized camera could be implanted in the crystalline lens [107] .
The second architecture depicted in figure 2(b) has been employed in epiretinal, subretinal, suprachoroidal prostheses [66, 67, 70, 73, 75, [77] [78] [79] 108] . This topology integrates light sensing located in the eye near the retina. Unlike the approaches using an external camera, the movement of the light sensor is directly coupled with that of the eye ball so that an eye tracking system is unnecessary. As seen in figure 2(b), the external system is much simpler. In addition, it does not require high-throughput data telemetry for relaying visual information from the outside to the implanted side. As a result, larger numbers of electrode channels can be readily achieved; for instance, Alpha IMS features 1,500 channels [67] . The increased spatial resolution of the retinal prosthesis comes at the expense of increased hardware complexity and power consumption on the implant side for image sensing, high-dimensional processing, and electrode-specific pulse generation.
Towards high-resolution retinal prostheses, a few groups have investigated another approach that implants only MPDAs without additional circuitry inside the eye. Based on this approach, a retinal implant powered using only incident light onto the retina was developed as early as the 1990s, and a prototype was implanted into human patients as the first retinal prosthesis clinical trial in 2000 [80, 81] . While the device improved visual acuity in retinal regions outside of the implant due to a reported neurotropic effect, no visual sensation directly due to the implant was observed in blind patients [13, 15] . Hence, subsequent research groups employed an external system with image acquisition and laser projection in order to deliver sufficient power to the implanted MPDA [82, 85, 87] . Recently, feasibility of this approach has been demonstrated in vitro [83] and in vivo [85] . This scheme overcomes the limitations of direct visual optical powering at the expense of increased complexity and power of an external goggle system for high-intensity infrared (IR) laser projection. However, the required IR irradiance for suprathreshold stimulation is 0.55 to 10mW mm -2 , which is more than 100 times higher than the irradiance onto the retina under bright sunny conditions [85] .
Here we present an alternative such architecture for highresolution retinal prostheses with direct optical addressing and optoelectronic gain by inductive powering. As shown in figure 2(c), the proposed architecture includes a silicon nanowire-based optically addressable electrode array [109] , an external stimulation pulse transmitter, an internal demodulator, and an inductive link. This topology enables the use of low-intensity incident light to directly deliver the stimulus, owing to high sensitivity of the photovoltaic array with additional optoelectronic gain by pulsed voltage biasing. This allows greater densities of photosensitive electrodes without the need of individual lead wires and high-data telemetry in addressing stimulation sites, simplifying integration and packaging. Hence a single inductive link solution is sufficient for both power and data delivery, directly providing optoelectronic gain to the electrode array, and stimulation pulse parameters. Power transfer over the inductive link is pulsed over time only when needed to drive stimulation, allowing event-driven operation and minimizing power losses [110] .
As seen in figure 2(c), the proposed architecture incurs low hardware complexity on both the external and internal sides. The implant connects to the nanowire electrode array and ground electrode only over two wires, and in addition to the inductive link secondary coil contains only a few additional circuit components including resonant tank capacitor, rectifying elements, and charge-balancing series capacitor. Its external unit with stimulation pulse transmitter is as simple as the architecture in figure 2(b). Scaling this architecture to higher resolutions with larger number of electrodes incurs almost no increase in hardware beyond the density and size of the electrode array itself.
Three key system elements of the proposed architecture are described, analyzed, and experimentally validated in the following three sections. Section 3 covers the photosensitive nanowire-based electrode array; section 4 covers charge balancing considerations addressed in the system; and section 5 describes circuit architectures for wireless stimulation pulse telemetry. System validation with ex vivo experiments follows in section 6. Finally, section 7 concludes by summarizing our contributions. [67, 70, 79] , and (c) a proposed system with stimulation pulse telemetry link and direct optically addressed nanowire-based electrode array.
Light-sensitive electrode array
Vertical nanowire (NW) arrays have been extensively investigated for phototransduction due to their relatively high quantum efficiency [111] [112] [113] [114] [115] [116] [117] [118] [119] with applications to solar cells, light detectors, and others [117, [120] [121] [122] [123] [124] [125] [126] [127] [128] . Our research group has been developing NW-based light-sensing electrode arrays for retinal prostheses [109, [129] [130] [131] [132] . Here we summarize characteristics and functionality of the NW device for light-induced neural stimulation.
Light-induced stimulation with the NW device
The NW array operates as an optoelectronic neural stimulator simultaneously performing two critical functions: light detection and neural stimulation. Figure 3 illustrates the simplified concept of the light-induced stimulation with an NW electrode array implanted in the subretinal region. The array has a single lead wire connection to the stimulation pulse generator, with another lead wire to the nearby ground electrode. When a biphasic pulsed voltage bias is applied across the NW device between the lead wires, the device produces a corresponding biphasic pulsed current that scales with locally incident light intensity on the NW device. NWs that are illuminated by higher intensity incident light produce stimulation currents into the retina of higher amplitude, while other NWs under lower intensity illumination supply lower stimulation currents. Hence the incident light gives direct spatial control over stimulation limited by the spatial resolution of the NW array. In addition, the timing of stimulation is directly controlled by the timing of the electrical bias pulse supplied over the telemetry link.
These relations can be conceptually represented, to first order, with the following equation: , and temporally by the bias V(t).
Photodiode-type (PN-type) NW device
The NW device comprises a grid of vertical NWs etched on a silicon substrate. As shown in figure 4(a) , a single NW measures 1 μm diameter, 9 μm height, and 4 μm pitch, comparable to dimensions of retinal photoreceptor cells as shown in figures 1(b) and (c). As shown in figure 4(b), the device forms a p-n junction implementing a micro-sized photodiode, modeled schematically in figure 4(c). The photocurrent I photo scales with the intensity of the incident light as shown in the measured I-V curves in figure 4(d) .
The use of vertical silicon NWs provides two main advantages over other types of phototransducers such as flat and thin-film microphotodiodes [84, 86] . First, the NW has higher light absorption efficiency. The NW geometry has been shown by our research group and others to reduce losses in light-to-electricity conversion and improve light absorption [111, 112] . This high absorption efficiency in NWs is due to an increased light path length enhancement factor leading to better light trapping along the length of the NW structure [111, 112] . In contrast, flat and thin microphotodiodes have shorter light path length, resulting in reduced efficiency due to photon quenching [111, [113] [114] [115] [116] [117] [118] [119] 126] . Second, NWs perform carrier collection and charge separation more efficiently [111] . In order to be collected by photodiodes, electrons must diffuse into the metal contact. The NW geometry of a coreshell structure provides fast radial charge separation that in turns allows efficient carrier collection through band conduction [111, 134] . in figure 5(c) . For pulse response characterization, a cathodeleading voltage biphasic pulse was applied to the device through a charge-balancing AC-coupling capacitor. The measurements in figure 5(d) show light intensity modulation of the current amplitude in response to the voltage pulse consistent with the model (1).
Fabrication procedure
We fabricated the photodiode-type NW devices using the following procedure [109, 135] . Photolithography was used to pattern nickel (Ni) dot arrays on an n-type silicon (Si) substrate with a doping concentration of 1.1×10 −18 cm −3 . The Ni dots were formed by e-beam evaporation, then the base resist was removed by a lift-off process while keeping the Ni dots as etch masks. After solvent cleaning, the samples were etched for 40 min using a reactive ion etch (RIE) and inductively coupled plasma (ICP) process (gases: C4F8 and SF6). Then, the Ni dots were etched off via wet etching. Subsequently, the Si NW radial p-n junctions were formed by boron spin-on-dopant (SOD) and diffusion. The Si NW samples were treated in close proximity to a source wafer coated with layer of SOD under rapid thermal annealing at  800 C in N 2 ; then went through a drive-in process in a furnace at  800 C for 3 h in N 2 . The oxide formed during the diffusion process was removed using buffered oxide etcher (BOE). Next, the NWs were passivated with a layer of Al 2 O 3 via atomic layer deposition. The NW arrays were then embedded in transparent polydimethylglutarimide (PMGI) resist (MicroChem Corp., USA), and an O 2 plasma dry etch followed by a BOE wet etch was used to expose the tips of the NWs. A transparent ITO layer was deposited on top of the device, connecting exposed tips to bundle multiple NWs into individual electrode sites. Electrodes of various sizes were implemented to trade between spatial resolution and intensity thresholds (section 6.2). For the experiments reported here, a 200μm×200μm die was cut to form a single electrode combining 2500 NWs, and a 30nm layer of iridium oxide was sputtered on top of the ITO layer as the external interface contact.
Capacitive coupling interface
Charge balancing between anode and cathode phases of a stimulation waveform, with near-zero net DC charge transfer over the electrode, is crucial for chronic neural stimulation. Any unbalanced residual charge induces irreversible electrochemical reactions resulting in electrode dissolution, which typically generates toxic byproducts.
The NW devices are subject to typical photovoltaic nonlinearities in their I-V characteristics as shown in section 3. In addition, these nonlinearities vary over light intensity. Due to the light-dependent nonlinearity, it is impractical to control charge balancing in the stimulation current by manipulating amplitude and duration of the positive and the negative phases of the voltage bias pulse across the array.
A capacitor in series with each electrode is commonly used in stimulation circuits since it inherently blocks any DC current through the electrode [136] . However, the large size of the series capacitor (∼100 nF) required for effective stimulation [137] prohibits scalable high-density integration for each electrode in the array [138] . As a practical solution, a single AC-coupling capacitor C AC is inserted between the light-sensitive electrode array and the pulse generator as illustrated in figure 6(a) . The series capacitor shared among multiple electrodes also ensures net zero charge transfer into tissue. Although individual charge balancing for each electrode is not guaranteed, this technique has been beneficially employed in neural stimulator applications [139] . As shown in the appendix, the coupling capacitance C AC primarily serves a DC shift in the voltage bias under periodic pulsed stimulation. This DC shift depends on light illumination in order to dynamically balance the net charge on average, independent of the device nonlinearity.
To validate the operation of the light-sensitive electrode array with the AC-coupling capacitor, we performed experiments with eight of the phototransistor devices connected as shown in figure 6(a) . Figure 6(b) shows the applied voltage waveform V in and the resulting voltage bias across the array V pulse_ac , coupled to V in through C AC (= 22 μF). In addition to the expected DC shift, V pulse_ac shows slight relaxation in the biphasic pulse waveform due to the finite RC time constant. Although the voltage pulse V pulse_ac is shared across all devices, the resulting individual device currents, measured in figure 6(c), are different due to differences in local light intensity.
To validate individual charge balance across devices in the array in figure 6(a) , the current through one of the devices was integrated by a capacitive transimpedance amplifier (TIA) for net charge monitoring. Three different configurations were tested as depicted in figure 7: (a) the voltage input was directly connected (DC-coupled) to the array, (b) each device was supplied an individual series capacitor for distributed AC-coupling, and (c) a single series capacitor was shared across the array for global AC-coupling as in figure 6 . The transient voltage V charge at the output of the TIA represents the excursion in the total amount of accumulated charge across the feedback capacitor over the measurement period to indicate charge balancing performance. The measured excursions V charge in the three configurations under intensityvarying illumination conditions are shown in figure 7(d) . In the DC-coupled case, the voltage clearly diverges as time goes by, indicating lack of charge balancing. As expected, distributed AC-coupling ensures charge balancing at the individual device level. However, the measurements under global AC-coupling show that despite temporary fluctuations in net charge across the device, the long-term charge remains balanced. The temporary fluctuations are due to local light intensity variations, which average out in the longer term owing to uniformity in average lighting conditions. These experiments constitute a simplified model of the electrode-retina interface that does not account for variations in electrode impedance which may give rise to local charge imbalances even under uniform illumination. However, the shunting effect of volume conduction in surrounding retinal tissue mitigates any such local charge imbalances. We further note that the any residuals due to mismatch are small compared to the charge imbalance that is intrinsic to purely passive approaches with monophasic pulsed photocurrents carried through microphotodiodes.
Wireless telemetry for stimulus pulse delivery
This section addresses a central system component of the proposed architecture described in figure 2(c) and section 2: the combination of wireless power and data telemetry for stimulus pulse generation. Three architectures for wireless pulse delivery for neural stimulation are considered here: direct inductive, rectified direct inductive, and amplitudemodulated. We analyze the first two architectures and demonstrate why they are inadequate for long-term implantable use. Then, the third architecture is proposed and experimentally validated.
Direct inductive stimulation
One of the simplest candidate architectures for wireless pulse delivery is one that couples the LC resonant tank directly to the electrodes as depicted in figure 8(a) . To be effective, the stimulation pulse frequency must operate near the resonant frequency of the inductive link. This architecture has been studied for implanted neural interfaces and shown impractical due to fundamental gaps in these frequencies [110] . Space constraints on the implant side severely limit the size and quality factor of the implanted coil at frequencies lower than 1MHz. Conversely, the dynamics of electrode-tissue interface and neuron membrane excitability are severely suppressed at frequencies above 100kHz [140] .
Rectified direct inductive stimulation
To bridge the gap between operational frequency ranges for high-Q induction and neural stimulation, we consider rectification of an incoming sine-wave pulse train to generate a voltage pulse on the electrodes tracking the carrier envelope. The rectification could be explicit using a discrete series diode as shown in figure 8(b) , or may be intrinsic to the electrode. For instance, our previous work [109, 129, 131, 132] and section 3 shows such rectification in a PN-junction nanowire array for photoconductive and neural stimulation in a retinal prosthesis. Amplitude and width of the rectified stimulation pulse are easily controlled by changing the parameters of the input pulse train on the external side [110] . However, this architecture can produce only monophasic pulses and hence is problematic for charge-balanced stimulation.
Proposed architecture
The proposed architecture for wireless stimulus pulse generation is shown in figure 8(c) . On its external side, a stimulation pulse is amplitude-modulated onto a carrier of sufficiently high frequency (i.e. in the MHz range) for the inductive link to be efficient. The modulated carrier signal is wirelessly transferred, and is demodulated on the implant side to recover the stimulation pulse. The demodulator on the implant side performs full-wave rectification and low-pass filtering to track the envelope using two low-threshold diodes and a few passive circuit components, extending on previous half-wave rectification architectures [141] . In addition, an AC-coupling capacitor is inserted in series for charge balancing.
This architecture offers the following advantages over more conventional architectures for wireless pulse delivery. First, it only uses a few simple circuit components, obviating the need for ASICs or other complex circuits for data communication, voltage regulation and stimulation waveform shaping. Second, this architecture only uses a single inductive link for both data and power transfer, relaying the pulse waveform as the envelope of the delivered power. Third, full control over the pulse waveform shape in the modulator on the external side gives great flexibility in tailoring globalstimulation parameters in the implant, including pulse frequency, width, height, slope, and gap time in typical biphasic stimulation waveforms.
The complete circuit diagram of the implemented architecture is shown in figure 9 , including a load model of the electrode array. The prototype was implemented with a PCBbased inductor and off-the-self components. Specific circuit parameters for the target stimulation parameters and load conditions are as follows: L 2 = 1.88μH, C 2 = 293pF, R env = 100kΩ, C env = 100pF, C AC = 1μF, R LD = 100kΩ, C LD = 1nF, and D 1,2 are Schottky diodes (UPS115Ue3, Microsemi Corporation, CA, USA).
The measured frequency response transfer function
of the prototype is given in figure 10(a) , showing a bandwidth from 1 Hz to 30 kHz, adequate for typical stimulation waveform delivery. The prototype was tested with two types of stimulation pulse waveforms to illustrate its versatility in configuring waveform parameters to varying electrode-tissue interface conditions: biphasic constant voltage stimulation and biphasic constant current stimulation. Ramping of the voltage bias is generally needed for constant current stimulation in order to compensate for capacitive loading of the electrode-tissue interface, thereby avoiding the typical decaying exponential relaxation of stimulation current for constant-voltage stimulation. With the increasing electrode-tissue impedances at shrinking electrode dimensions for high-resolution prostheses, such capacitive loading effects become dominant. Figures 10(b) and (c) show the input waveform V pin and the resulting modulated, demodulated and AC-coupled output voltage waveforms V mod2 , V dem and V pout . As shown, the output waveform V pout received on the implant side reproduces the target input waveform V pin . Width, height, and shape of the stimulation pulse can be easily programmed on the external side.
Proof-of-concept system validation
As a proof of concept in validating the entire system in a biological setting, this section presents the integration of all above system components and demonstrates neural responsivity to combined light and electrical activation ex vivo in degenerated rat retina tissue.
6.1. Methods 6.1.1. Retina preparation. We isolated intact neural sensory retinal explants from P23H degenerated rats. The rats were summarily euthanized by carbon dioxide inhalation. After the enucleation of the eye, the retina was cut into a 4×4 mm piece and maintained in Ames (Sigma-Aldrich Co. LLC, MO, USA) saline solution at  30 C. As depicted in figure 11(a) , the retina segment in Ames solution was transferred onto a multi- Figure 9 . Detailed circuit diagram of the proposed wireless telemetry pulse delivery system. The electrode array is modeled as a resistive and capacitive load in the inset. channel microelectrode array (MEA), connected to a multichannel data acquisition system (Multichannel Systems, Germany). The retina tissue was placed with the bipolar cells facing the NW device side to enable subretinal stimulation and with the ganglion cells facing the MEA to enable spike recording. An experimental 200μm × 200μm photodiode-type NW device (section 3) was lowered via a computer-operated micromanipulator to contact the subretinal surface. Contact was verified visually with the assistance of an inverted microscope.
6.1.2. Test setup. We generated biphasic stimulation waveforms with an arbitrary waveform generator (Arbstudio 1104, Teledyne LeCroy, NY, USA), the output of which was connected to the amplitude modulation (AM) input of a signal generator (33220A, Keysight Technologies Inc., CA, USA) to produce an amplitude-modulated waveform with 6.78 MHz carrier frequency in the industrial, scientific, and medical (ISM) radio bands. On the receiver side of the wireless telemetry pulse delivery system, the demodulated biphasic pulse at the output (V pout in figure 9 ) was fed to the NW device through a copper wire. For proper encapsulation in the saline solution, the wire was soldered directly onto the back of the NW device and insulated with epoxy. A second wire connection (GND) established the MEA ground return as shown.
We used two scaled bias levels ('high' and 'low') of identically shaped biphasic pulses, each with 5 ms anode phase followed by a 1 ms gap, and a 15 ms cathode phase. For each, the amplitude during the cathode phase was one third the amplitude during the anode phase. The bias levels were set on the external waveform generator to maintain the peak voltage V pout across the NW device during the anode phase well within the water window for iridium oxide: at 0.5V for the 'high' bias setting, and at 0.07V for the 'low' bias setting. The high bias condition produced 2.67μA dark current during the anode phase, and the low bias condition 0.333μA. Hence the total charge delivery across the dark, singleelectrode 2500-NW device per phase of the high bias condition was 13.3nC/phase, below the threshold for RGC spiking.
The NW device in contact with the retina was illuminated from below with an 850 nm IR LED for a light intensity of 7.53μW mm −2 in 5ms pulses, under dark ambient conditions. Neural spikes were recorded from the MEA for 3 min in each of three conditions: stimulation with the high bias but with the light off; stimulation with the low bias with the light on; and stimulation with both the high bias and the light on. To provide control and consistent timing for PSTH collection under each of the three conditions, the onset for pulsed light stimulation was made to coincide with the anodic phase onset of electrical stimulation. RGC spike activity was monitored by the MEA recording system for each stimulus, with valid data starting 8ms after each stimulus onset. Offline spike sorting software (Plexon Inc, Dallas, TX) was used to process the neural spike data. A threshold of four times the standard deviation of the background noise was set to identify spike activity.
Results and discussion
Figures 11(b), (c), and (d) show PSTHs of RGC neural spike responses recorded from one of the P23H degenerated rat retinas. By synchronizing the onset of pulsed bias and light stimulation it was possible to observe relative differences in PSTHs under two control conditions in which either one of the high bias or light on conditions was muted. As shown in figure 11(d) , a significant increase in neural response above baseline was observed 10-20ms after the stimulus onset under the combined conditions of the high bias and the light on. As shown in figure 11(c) , pulsed light stimulation by itself, at low bias, did not elicit a neural response discernable from baseline. Similarly, under light off conditions no discernible difference from baseline was observed even under the high bias condition ( figure 11 (b) ).
These results suggest that the combination of optical addressing and electrical biasing for the vertical NW array provides sufficient optoelectronic gain for effective retinal stimulation at substantially lower intensity light illumination than for unbiased operation as in passive microphotodiode arrays. Although 7× brighter than typical irradiance on the human retina in sunlit outdoor conditions, the 7.53μW mm −2 illumination level in the experiments is a factor 50× dimmer than the 0.4 to 6.9mW mm −2 illumination for the laserprojected levels for passive flat photovoltaic devices [83, 85, 142] .
For a fair comparison of performance, responsivity of the devices should also be considered., normalizing for differences in photosensitive electrode areas. The photodiode-type (PN-type) NW device used in the ex vivo experiments measures a visible to near-IR (600-800 nm) responsivity of figure 12(d) , owes to two factors: extension of the depletion region at the p-n junction, and reduction of the carrier transit time compared to the minority carrier lifetime due to recombination with surface states. Over conventional passive (unbiased) MPDAs with typical 0.40 A/W IR responsivities [84] , this constitutes a fivefold improvement in responsivity measured in saline rather than a dry environment, and with unpulsed rather than pulsed light.
In addition to the fivefold improvement in responsivity, the pulsed voltage biasing supports further control to increase the total stimulation current. As shown in figures 12(c) and (d), the effect of increasing voltage bias amplitude is primarily an increase in base current, and to lesser extent anin addition to the increase in responsivity, both of which contribute to higher current for a given level of illumination. External electrical control over base current can thus be harnessed to accommodate varying illumination and stimulation threshold levels.
We expect additional optoelectronic gain from current amplification in the NPN-type NW device (section 3) to substantially boost spectral responsivity for effective retinal stimulation at high spatial resolution, and possibly without external optical amplification at medium resolution. Such direct optical addressing by the visual scene requires the prosthesis to operate not only at low intensity thresholds, but also with unpulsed light. The experiments using the 1512-electrode NW device in figure 12 have verified combined optical addressing and electrical biasing under continuous rather than pulsed light illumination.
The spatial resolution of stimulation is limited by two main considerations. First, the responsivity and maximum safe intensity levels set a lower limit on the electrode pitch of the array to reach supra-threshold stimulation. Second, more importantly, crosstalk due to volume conduction in tissue limits the effectiveness of stimulation for an electrode pitch substantially smaller than the axial distance of the target cells from the array [143] . The effect of crosstalk in tissue for the fabricated 1512-electrode array with 50μm pitch of figure 12(a) is illustrated in figure 13 , indicating focal electric field strength at physiologically relevant axial distances for subretinal stimulation. At these distances in the 10-20μm range, a single ground electrode at substantially larger distance provides effective return of the stimulation currents, avoiding the need for local ground return electrodes interdigitated within the array [144] .
Conclusion
We presented a new retinal prosthesis architecture that combines spatial optical addressing and pulsed electrical biasing for scalable high-resolution retinal stimulation by a photosensitive electrode array activated over a single inductive telemetry link. The use of a vertical silicon NW array supports electrode densities approaching the dimensions of retinal neural circuits, and in conjunction with the pulsed electrical biasing provides sufficient optoelectronic gain for neural stimulation at relatively low light intensity compared to passive flat microphotodiode arrays. Stimulation parameters such as frequency, widths, heights, and gap time of typical biphasic waveforms can be entirely controlled on the external side through combined power and data telemetry over the inductive link, while charge-balancing is achieved by biphasic pulsed voltage biasing through a single AC-coupling capacitor in series with the array. Proof-of-concept demonstration of the entire system in ex vivo rat retina tissue validated RGC neural responses under combined pulsed bias and light conditions, with suppressed response when either the bias or light condition was muted. We also validated in a 1512-electrode NW array a fivefold improvement in responsivity over conventional flat microphotodiode arrays, with additional gains in stimulation base currents, both contributed by the pulsed electrical biasing.
As such, this work presents an important step towards engineering realization and eventual clinical use of optically addressable retinal prostheses. Continued advances towards realization of a clinically viable high-resolution retinal prosthesis call for device-level refinements in the NW array structures for increased optoelectronic gain and greater electrode density; hermetic coating of the NW active elements for chronic implanted operation; and ex vivo and in vivo Figure 13 . Simulated electric field in uniform tissue with 2W -1 m −1 conductivity above the NW-based electrode array of figure 12 (a) at axial distances ranging from 5 to 40 μm. Electrode currents injected into tissue are derived from the measurements in figure 12 (b) at 0.5V pulsed voltage bias, and at 50μW mm −2 unpulsed IR intensity over the center electrode, with dark surround over the other electrodes. The periodic background of the electric field pronounced at low axial distance reflects the granular structure of base current, injected at each of the electrode sites by the common voltage biasing.
validation of optical resolution and visual acuity consistent with electrode densities.
The following analysis establishes that a series AC-coupling capacitor balances anode and cathode currents to zero the net average charge transfer across the photodiode-type NW device of figure 4 by shifting the DC offset. The current I through the photodiode device as a function of voltage V across the device under illumination is modeled as the current produced by a standard diode without illumination, in parallel with photocurrent I photo induced by the illumination:
V nV 0 photo T where I 0 is the diode saturation current, n the ideality factor typically between 1 and 2, and V T the thermal voltage, which is 26.7 mV at body temperature (36.5 • C). The photocurrent I photo results from photogenerated electron-hole pairs, and is typically proportional to the incident light power P in as:
Consider that the substrate side of the NW device is connected to the AC-coupling capacitor C AC in series, and the wireless telemetry pulse delivery system drives the C AC capacitor with a periodic rectangular voltage pulse V in while grounding the other node of the device (GND). It is assumed that C AC is sufficiently large so that the high-pass cutoff frequency formed with the resistive load of the device is substantially lower than the frequency range of V in . As a result, the voltage across the device V inc at convergence is mostly DC-shifted from V in . Figure 14 illustrates V inc and its parameters: duty cycle ratio D between 0 and 1, period T, and positive and negative phase amplitudes + V and -V . As shown, the device currents + I and -I are determined by both the photocurrent I photo and the duty cycle ratio D, not related to the diode characteristics of the device to first order. Moreover, (10) establishes a multiplicative gain factor ( )
in the anode current + I . Since D typically is much smaller than 1, a gain factor G much larger than 1 can be achieved, providing additional optoelectronic gain over unbiased photovoltaic operation. 
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